Abstract-We describe a MRI-compatible biopsy needle instrumented with optical fiber Bragg gratings for measuring bending deflections of the needle as it is inserted into tissues. During procedures, such as diagnostic biopsies and localized treatments, it is useful to track any tool deviation from the planned trajectory to minimize positioning errors and procedural complications. The goal is to display tool deflections in real time, with greater bandwidth and accuracy than when viewing the tool in MR images. A standard 18 ga × 15 cm inner needle is prepared using a fixture, and 350-μm-deep grooves are created along its length. Optical fibers are embedded in the grooves. Two sets of sensors, located at different points along the needle, provide an estimate of the bent profile, as well as temperature compensation. Tests of the needle in a water bath showed that it produced no adverse imaging artifacts when used with the MR scanner.
and out of the scanner for imaging and intervention [7] , [23] . Furthermore, clear visualization of the entire minimally invasive tool and its intended trajectory is not always available intraoperatively through MR images.
During MRI-guided breast and prostate biopsies, radiologists note mild-to-significant needle bending. Various in vitro and simulated studies have characterized needle deflection as a function of insertion depth, needle gauge, and insertion force [1] , [20] . Wan et al. performed insertion depth experiments with an 18-ga 20-cm bevel-tipped brachytherapy needle and found that needle deflection contributes to the main source of seed placement error (up to 2.8 mm) for an insertion depth of 6 cm [41] . Hochman and Friedman characterized tip deflections of 25-, 27-, and 30-ga needles in various materials and showed that deflections ranged from 0.7 to 5.0 mm [16] . When steering around obstacles, tip deflections can be up to 2 cm for a 20-ga 15-cm biopsy needle [9] . These deflections may necessitate reinserting the needle to reach a desired target. Although real-time MR images can provide visual feedback, their low spatial resolution and relatively low contrast resolution [28] make it difficult to identify the exact tip deflections.
Methods in active tracking of devices in MRI environments [6] , [11] , [18] , [37] are increasingly fast and accurate, yet these techniques, as reviewed in [7] , have limitations in regard to lineof-sight, heating, sensitive tuning, complex calibration, and expense. Passive tracking methods [8] rely on observing the device and patient's anatomy together with the use of bulky stereotactic frames or external fiducials [13] , [21] . Also, they require manual retrieval of the passive markers in the image data and calculation of the needle position. The planning, adjustment, and starting of MR scans typically need to be performed manually [42] . The use of RF coils [26] and rapid MR-tracking [22] techniques are also limited by the need for continual use of the scanner in order to image and visualize the devices. Another issue with current tracking methods is that they require sensors that are in general too large for incorporation in a needle [2] . The prototype presented here uses miniature sensors, does not rely on continual imaging, and has a simple registration procedure, in order to track tools in real time and enable faster physician response.
This paper describes a prototype instrumented needle that incorporates optical fibers with fiber Bragg gratings (FBGs) for measuring strain. FBG cells reflect light with a peak wavelength that shifts in proportion to the strain to which they are subjected [15] . In other applications, FBG sensors have been embedded into force-sensing robot fingers [30] , [33] , [34] , and integrated into catheters [12] and endoscopes [43] for shape sensing. FBG sensors have also been used to measure forces of a retinal surgery tool [19] , [38] . To our knowledge, the prototype presented here is the first application of FBG sensing in a small-gauge MRIcompatible biopsy needle.
Among the advantages of FBG sensors are: immunity to electromagnetic interference (making them ideal of MR applications), physical robustness (without compromising the biocompatibility and sterilizability of the medical tools they modify), and the ability to detect strains as small as 0.1 μ . As a consequence of their ability to measure small strains, FBG sensors can be used directly on relatively robust structures, without special features, such as holes or slots, to increase strains in the vicinity of the gauge. Other advantages include the ability to place multiple FBG cells along a single fiber, reading each via optical multiplexing, and the ability to use the same optical fibers for other sensing and imaging modalities, such as spectroscopy [40] , optical coherence tomography, and fluoroscopy. The FBG wavelength shifts are also dependent on temperature changes; thus, the sensors have applications in thermal therapies, such as cryosurgery and tissue ablation procedures. In conventional robotics applications, the chief drawback is that the optical interrogator that reads the signals from the FBG cells is larger and much more expensive than the instrumentation used for foil or semiconductor strain gauges. However, the costs of optical-fiber interrogation systems are dropping steadily and in applications, such as MRI interventions, the capital costs are amortized over many operations.
Although FBG sensors are a mature technology, innovations in photonics are making it possible to read larger numbers of cells at higher sampling rates and with smaller and less expensive equipment. In this study, we use a broadband light source and optical wavelength division multiplexing (Intelligent Fiber Optic Systems (IFOS) Corp., Santa Clara, CA) so that all FBGs are read simultaneously. The optical interrogator computes shifts in the wavelength of light returned by each FBG, and reports these over a universal serial bus (USB) connection to our computer for calibration and visualization. We have presented the feasibility of using FBG sensors in MRinterventions [31] , [32] and, in this paper, present the design and testing of an MRI-compatible biopsy needle with embedded fibers for real-time shape detection. The needle prototype is an early step toward increased integration of sensing and visualization of MRI-compatible medical devices. The goal is to display tool deflections in real time, with greater bandwidth and accuracy than available when purely viewing the tool in MR images. We believe that it has the potential for more accurate MRI interventions, with a reduced need to cycle the patient into and out of the MRI machine.
II. SYSTEM MODELING
Forces on a needle during insertion have been modeled as a combination of frictional forces opposing insertion, clamping forces applied by the surrounding tissue, and an axial tip force [1] , [10] . The models assume predominant forces close to the tip (primarily due to tissue cutting). Since we are interested in measuring needle deflections, we can apply forces that produce deflections similar to those observed in practice when evaluating the accuracy of the sensors.
An example simulation of a needle being steered toward a target is illustrated in [9, Fig. 17 ]. The deflection profile of the 18-ga needle in that figure is comparable to those obtained with simplified force profiles, such as those shown in Figs. 1 and 3 . Due to the stiffness of the needle, the effects of any concentrated forces are spread out over a substantial fraction of the length of the needle.
A. Modeling Assumptions
Considering the dimensions and mechanical properties of the needles, and the loading conditions anticipated during interventions in prostate or breast tissue, the following simplifying assumptions are used in the analysis of the prototype presented here.
1) The needle experiences negligible torsional loading along the needle length axis. 2) The tip deflection is relatively small -less than 10% of the needle length-such that small-strain linear beam theory [39] applies.
3) The needle is sufficiently stiff that the bent profile is not complex; there are at most one or possibly two points of inflection. Given these assumptions, the needle is modeled as a slender cantilever beam, supported at one end and subjected to combinations of radial and axial forces. The boundary conditions are summarized in Table I . Fig. 1 illustrates a simplified loading example with two concentrated vertical forces at the midpoint and tip of the beam. (in practice, a significant force at the tip is possible, but a concentrated force at midspan is unlikely.) If there are two sensors, it is possible to obtain the beam curvature at two locations. In addition, the curvature at the tip must be zero, unless there is a concentrated end moment, which is physically unlikely. Given that the curvature of the beam must be smooth and continuous, a second-order polynomial g(y) can be fit to the three known curvatures. The corresponding deflection profile computed from g(y) is depicted in the bottom plot, in comparison to the actual profile that would be obtained directly from F 1 and F 2 , assuming they were known. As discussed in the Section IV, the errors associated with less concentrated forces will typically be smaller.
B. Optical Sensor Model
Local curvatures using strain information are obtained from the sensor signals. Since the Bragg wavelength λ B is
where n eff is the effective refractive index and Λ is the period of the grating, the relationship between the wavelength shift Δλ B and the strain can be expressed by
where P ε is the photoelastic coefficient of the optical fiber. For a cylindrical rod under pure bending [14] ,
where d is the distance to the neutral plane, ρ is the radius of the curvature, and C is the relative curvature. The relationship between the wavelength shift and the curvature is then
Since P ε , n eff , Λ, and d are all constants, the wavelength shift Δλ B is linearly proportional to the curvature C. Therefore, given the amount of known curvature, a polynomial fit function can be derived. The second integral of the curvature function with the aforementioned boundary conditions gives the estimated deflection equation.
III. PROTOTYPE DESIGN AND FABRICATION
An Food and Drug Administration (FDA)-approved 18 ga × 15 cm MRI-compatible histology biopsy needle (model number: MR1815, E-Z-EM Inc, Westbury, NY) was selected as a basis for prototyping. 18 ga is a typical size used for MRI-guided interventions, such as breast and prostate biopsies. This needle is composed of two parts, a solid inner needle (stylet), and a hollow outer needle (sheath). The outer needle is a thin-walled tube made of nonmagnetic nickel-cobalt-chromium-molybdenum alloy (MP35N). The inner stylet has a core of nickel-chromiummolybdenum alloy (Inconel 625). The stylet initially stays inside the outer sheath to prevent unwanted tissue or fluid from flowing into the bore, and to stiffen the needle during insertion. When the needle tip reaches the suspect tissue, the inner stylet is removed, and a syringe or other extraction mechanism is connected to the base of the sheath to remove the targeted cells. Although the removal of the inner stylet may cause slight bending of the outer sheath, the tip of the needle remains anchored within the same tissue once the tip hits the target. Thus, it is particularly useful to provide real-time feedback on needle bending during insertion.
Optical fibers were incorporated into the inner stylet, rather than the outer sheath, for two primary reasons: the wall of the outer needle is too thin for embedding optical fibers, and connecting the optical fiber cables at the stylet base does not interfere with tissue extraction, as it is removed prior to attaching a syringe or other tool.
A. Inner Stylet Design
The modified stylet has three grooves along the needle axis at 120
• intervals, with three optical fibers attached inside the grooves. The minimum number of strain sensors required to estimate local curvatures at a particular location along the needle is two: one to measure bending in the x-y plane and the other for the y-z plane (see Fig. 2 ). However, it is necessary to provide temperature compensation because FBG sensors have high sensitivity to changes in temperature [29] . In the present case, since the diameter of the inner stylet is small (1 mm), we can assume that the temperature is uniform across the needle diameter. If we incorporate three FBGs at one location along the needle, we have one redundant sensor reading that we can use for temperature compensation. In addition, since each optical fiber contains two FBG sensors for strain measurement at two locations, there are a total of six FBG sensors (two sets of three sensors).
As shown in Fig. 2 , the inner stylet has three lengthwise grooves, 350 μm wide, separated at 120
• intervals. Each groove holds an optical fiber with two FBG sensors at 22 mm and 85 mm from the base of the needle.
B. Fabrication
The grooves in the needle are manufactured using electrical discharge machining (EDM) along the stylet. EDM is ideal for this application, as it can create very small features with high accuracy in any metal, and does not run the risk of introducing ferromagnetic particles. To ensure accuracy, and to simplify the process of preparing multiple needles, we used a custom clamping fixture, which is also made by wire EDM, as shown in Fig. 2(d) . The stylet is placed in the central 1.02-mm bore and clamped in place using several set screws. EDM wire is threaded into each of the larger 3-mm holes for cutting the corresponding groove. In future, if it becomes desirable to work with smaller needles, optical fibers as thin as 40 μm diameter and corresponding thinner EDM wires can be used. A magnified view of a single groove is shown in the inset in Fig. 2(b) . Optical fibers with an outer diameter of 350 μm were bonded in these grooves using a low-viscosity biocompatible cyanoacrylate adhesive. Since the contact area between an optical fiber and the groove surface is large, we expect good shear transfer between the needle and fibers.
Since EDM machining cannot cut plastic parts, the plastic handle was removed from the stylet using a heat gun and reattached using epoxy after machining. Holes were prepared in the plastic base, through which the optical fibers could exit. The fibers protruding from the base were jacketed for increased durability along their runs back to the optical interrogator.
IV. SENSOR PLACEMENT
In general, as the needle is inserted into tissue, complex distributions of radial and axial forces may be imposed along its length. In addition, it is likely that there will be relatively large radial and axial forces concentrated near the tip. Such force profiles can be represented using Fourier series, if sufficient numbers of terms are taken. For example, Fig. 3 shows a possible combination of forces, including a distributed force profile along the needle and a somewhat concentrated force near the tip, approximated by Fourier series with eight, four, and two terms. Although the truncated series do not accurately capture the de- tails of the profile, the corresponding curvature and deflection functions computed using them are similar to those computed from the original force distribution. This is because the stiffness of the needle causes it to act as a spatial low-pass filter with respect to any forces with high spatial frequency.
In light of this effect, a relatively small number of sensor locations can be sufficient to capture the needle profile, even for complex force distributions. The prototype described in Section III has just two sensor locations. Therefore, it is of interest to determine for this prototype what errors may be expected in the computed profile and where the sensors should be located to minimize those errors for anticipated loading conditions.
From the Nyquist-Shannon sampling theorem, we expect that two sensor locations will be the minimum number sufficient for a radial force profile whose period is greater than the needle length. To examine the effects of various possible force distributions, a Monte Carlo simulation of applied forces was conducted, and the corresponding needle profiles were computed for two sets of sensors, at locations y 1 and y 2 . The distributed forces along the needle were represented as a series of radial impulses, at any orientation in the (x, z) plane and located at intervals of L/10 anywhere along the needle, with an impulse amplitude of 0-0.07 N. A concentrated axial and radial force with maximum magnitudes of 0.1 N could also be applied. For all such loading profiles, the needle undergoes at most one curvature inflection. The error in the needle tip location is typically of the most concern (and will often be largest because the curvature must be integrated along the needle from base to tip). Therefore, the sensor locations that produce the least tip error were tabulated. Fig. 4 shows the regions for locating the first and second sets of sensors that produce the smallest tip location errors.
V. SENSOR ACCURACY AND CALIBRATION
The needle prototype was calibrated for 3-D bending using two digital cameras. The cameras were fixed in two orthogonal planes and various deflections applied while images were taken in the x-y and y-z planes. The images were processed using the OpenCV [3] library to obtain the profile of the centerline of the needle. The resolution of the digital imaging system used for the calibration was 0.05 mm/pixel. The maximum optical distortion was less than 0.35%.
Three separate experiments were conducted for sensor calibration: 1) only vertical (z-axis) loads were applied; 2) only horizontal (x-axis) loads were applied; 3) only temperature was changed. The temperature at each sensor location was increased from 20 • C to 55 • C and decreased back to 20
• C. During this interval, the external temperature was measured using a digital temperature probe, and no mechanical load was applied to the needle. Knowing that FBG wavelength shift is linearly proportional to curvature at the sensor location, as discussed in Section II, we can find a linear mapping between the two variables. Fig. 5 shows the calibration results from experiments 1), 2), and 3), respectively. All six FBG sensors provided linear and consistent signals. The maximum errors of local curvature measurement from the six sensors are: 2.14%, 0.14%, 0.65%, 0.27%, 0.35%, and 0.70%, respectively, for x-axis loading, and 0.06%, 0.19%, 0.21%, 0.05%, 0.19%, and 0.18%, respectively, for z-axis loading. As discussed in Section VIII, the relatively large error for sensor 1 for loading in the x-direction is likely due to a manufacturing error regarding the FBG placement in the needle; since it is consistent, the effect can be reduced via calibration.
Using the measured sensor signals and curvatures, we can determine a calibration matrix C n for a sensor location n, when y n and s n are the measured reference and sensor signal, respectively, δy n = δs n · C n (5) where δy n = [ k xy k y z Δt ] and δs n = [Δλ 1 Δλ 2 Δλ 3 ]. k xy and k y z are the local curvatures in x-y and y-z planes, Δt is the temperature change measured for temperature compensation, and Δλ 1 , Δλ 2 , and Δλ 3 are wavelength shifts from the three FBGs at one location. A simple way to solve for C n is using the Moore-Penrose pseudoinverse
and the error in curvature measurement and temperature change at sensor location n is e = δs n C n − δy n .
However, the accuracy levels of curvature measurement and temperature change are different, and we have to normalize the error level using a weighting matrix [17] .
The normalized errorẽ can be written as e = Ge = Gδs n C n − Gδy n (8) where G is a scaling matrix [25] . Then, we minimize the normalized errorẽ where W is a diagonal weight matrix. The scaling matrix, which determines the weight matrix, was determined by normalizing the variances of the errors on curvature and temperature change measurements in the experiments. Finally, we can find the weighted least squares solution for the calibration matrix as follows:
Since we have two sensor locations (22 mm and 85 mm from the base of the needle), a calibration matrix was found at each sensor location Using the calibration matrix for each sensor location, we can find local curvatures from real-time sensor signals during the procedure. From the curvature measurements, we estimate the deflection profile using beam theory. This approach yielded rms values of tip deflection errors of 0.38 mm and 0.28 mm in the x-y and y-z planes, respectively, when the actual deflections were in the range of ±15 mm. Table II summarizes the tip deflection errors for different deflection ranges. Note that although the forces in this example were tip loads, no assumption about the loading was made in computing the profiles or deflections. As expected, the errors slightly decrease, as the deflection range decreases. The accuracy of the estimated fit to arbitrary bending profiles and over a wider range of temperatures will be further investigated in the future.
The main error in estimating tip deflections with this method may come from inaccurate modeling of the needle's curvature function. Although there are various loading conditions possible during actual interventional procedures, we are constructing the curvature function using a simple second-order polynomial fit appropriate for just two sensor locations. A more accurate estimate of the needle profile would be possible with three or more sensor locations, albeit at higher cost, as discussed in Section VIII. However, the benefits of additional sensors diminish rapidly, given the smoothing characteristic of the needle deflection with respect to applied force profiles, as discussed in Section IV. 
VI. SYSTEM INTEGRATION
Using the calibration described in the previous section, we developed a real-time needle deflection and bend shape monitoring system. The three optical fibers, each containing two FBG sensors, were combined and routed to a diffraction-grating-based FBG interrogator (D*Sense 1400, IFOS, Santa Clara, CA). Although optical power is attenuated by 20%-40% using this approach, the signals were strong enough to read over several meters of fiber. The update rate for this system was 4 Hz, limited by the sampling rate of the interrogator. The interrogator readings were transmitted to a laptop computer over a USB connection.
The sensor signals were processed using LabVIEW (National Instruments, Austin, TX) for data acquisition and MATLAB (MathWorks, Inc., Natick, MA) for postprocessing and display. The peak wavelength values were obtained in LabVIEW dynamically from dynamic-link library (DLL) files provided in the embedded firmware of the interrogator. Then, the dynamic peak wavelength values were passed to a custom MATLAB script that included information on the calibration matrix for estimating the tip deflection and bend shape. Finally, the MATLAB script generated a graphical model of the needle that showed the 3-D needle shape on a computer screen. Fig. 6 shows a screen capture of the display.
Magnetic susceptibility and safety are the concerns involving surgical tools and devices used in the MRI field [36] . Consequently, the interrogator and laptop computer were located remote from the MRI machine. The fiberoptic cables are nonmetallic and do not interfere with the MRI magnetic field or machinery.
VII. PRELIMINARY MRI SCANNER TESTS
The FBG needle prototype, which can potentially be used with various interventional MR-guided procedures, was tested for MRI compatibility in order to prove: To show that no significant imaging artifact is produced by the FBG sensors and optical fibers, MR images of the needle prototype and an unmodified needle in a water bath were compared. During image-guided procedures, a real-time pulse sequence, such as the Real-time Fast Spin Echo (RTFSE) would be used. Real-time coronal and sagittal images (TE = 37.856 ms, TR = 1969 ms, thickness = 3 mm), with a 24-cm field of view (FOV) in the frequency direction along the needle, are shown in Fig. 7(a) and (b) . To directly compare image artifact, a higher resolution, 3-DFSE sequence (TE = 18.752 ms, TR = 1500 ms, thickness = 0.8 mm) was used. With DICOM viewer software, OsiriX (Genève, Switzerland) [35] , a maximum intensity projection (MIP) of the full volume of 3-DFSE images (total thickness = 10.40 mm) was made in the coronal and sagittal views. The coronal MIPs are shown in Fig. 7(c) and (d). Using the measurement tool in OsiriX, the width across the thickest region of the bright artifact was measured every centimeter along the needle three times and averaged. The width of the artifact differed by 0.02% between the modified and unmodified needle in the coronal views and by 0.14% in the sagittal views.
The second objective can be reached by comparing the estimated deflections acquired by the sensor signals and the deflections measured in the MR images. The needle was placed in a water bath and deflected with Nylon screws in five different loading configurations, as shown in Fig. 8 . Results show the estimated tip deflections are comparable to the deflections measured in the MR images. Autonomous control of the scan plane is beyond the scope of this paper; however, as can be seen in Fig. 8(a) , in order to show the entire needle profile, the imaging plane has been adjusted. 
VIII. CONCLUSION AND FUTURE WORK
We developed an MRI-compatible biopsy needle, and instrumented it with optical FBGs for measuring bending deflections of the needle as it is inserted into tissues. During interventional procedures, such as diagnostic biopsies and localized treatments, it is useful to track any tool deviation from the planned trajectory to minimize positioning error and procedural complications. The goal is to display tool deflections in real time, with greater bandwidth and accuracy than when viewing the tool in MR images. A standard 18 ga × 15 cm inner needle was prepared with embedded optical fibers. Two sets of sensors, located at different points along the needle, provide a measurement of the tip deflection, and an estimate of the bent profile, as well as providing temperature compensation. Tests of the needle in a water bath showed that it produced no adverse imaging artifacts when used with the MR scanner and no sensor signal degradation from the strong magnetic field.
The main sources of error in the prototype can be attributed to imperfect placement of the FBGs in the needle and to the use of just two sets of sensors along the needle's length. With three or more sensor locations, the accuracy of the estimated profile will improve, particularly if the needle is calibrated to account for errors in FBG placement. Ultimately, a more repeatable manufacturing process may make such calibration unnecessary. Other immediate improvements will include a faster interrogator so that the needle can be monitored at rates of 100 Hz or higher.
The field of minimally invasive medical procedures represents a new application area for FBG sensors, albeit with significant design and manufacturing challenges. Foremost among these is the need to minimize sensor package size and to integrate sensors directly with surgical and diagnostic tooling. Given that fiberoptic devices are inherently MRI-compatible, do not interact with the MRI process, and do not cause significant imaging artifacts, they provide an ideal method of sensing the configuration and forces upon interventional devices in the MRI environment. We plan to further test this approach in MR environments and to develop an Application programming interface (API) to overlay the real-time deflection results on MR images. Interventional radiologists can subsequently use the deflection information to interactively change the image scanning plane.
Currently, the low quantity cost of a single FBG in a standard 125-μm silica fiber with 250-μm-diameter acrylate coating costs about $50. An array of ten FBGs on a single fiber costs around $900. Smaller 80-μm fibers are slightly more expensive. In mass quantities, the price drops significantly. Overall, these costs are small in comparison to most disposable devices for interventional and percutaneous procedures. Furthermore, the price of FBGs is expected to drop in the next five years, making the integration of FBGs into a disposable product such as ours financially plausible. The shape-sensing stylet would be onetime sterilizable, possible by gamma, e-beam, X-ray, or similar method, which will not harm the biocompatible adhesive, FBGs, optical fibers, or plastic connectors. The electronics will be a capital purchase, and draped or kept outside the MR suite during procedures.
Applications for FBGs and microscale fiber optics include incorporation into existing MRI-compatible robots and equipment for needle or probe positioning [5] , [8] , [13] , [23] , [24] , [27] . Any needle-driving robot will experience the same deflections that physicians encounter. FBG-sensorized needles and probes can be used to help plan the trajectories of these robots [4] to compensate for common deflections in various tissues, as well as measure contact tissue forces. The modified stylet can also be used as a force gauge to validate tissue deformation models in vivo for surgical computer-aided design/computer-aided manufacturing (CAD/CAM) procedures [21] .
